Abstract-Blood glucose diagnostic systems are a world-wide success story. Nevertheless, all the painless solutions available are too expensive to be disposable. We aim to bridge this gap by developing a painless disposable diabetes diagnostic patch. Our envisaged device is fully integrated and autonomous. It harvests the required energy from the environment and features sensor auto-calibration in real-time. In this paper, we present the design and preliminary results of the different parts in the patch including an electrochemical glucose sensor, an enzymatic biofuel cell, and a wireless instrumentation electronics all designed and implemented on the printed circuit board (PCB) technology.
I. INTRODUCTION
Diabetes mellitus is affecting more than 300 million people worldwide [1] . The World Health Organization (WHO) has placed diabetes among the top 10 world diseases with highest mortality rates. Until now, diabetes has been considered a disease of predominantly rich nations; this is not the case anymore. Diabetes prevalence has been rising more rapidly in some low and middle income countries [2] . Diabetes monitoring and control often requires continuous measurement of glucose in the body. Failure in the continuous monitoring may lead to serious health issues and even death.
Continuous Glucose Measurement (CGM) sensors have emerged over the last decades that measure glucose in the interstitial fluid instead of blood allowing minimally invasive monitoring. However, all the currently available CGM sensors are too expensive (ca. £60 per sensor) to be disposable, which makes them unsuitable for a mass population preventative screening in low and middle income countries.
Moreover, the non-idealities of the sensors such as wear (due to loss of enzyme activity) and instability (due to, for instance, occlusion and non-reversible non-specific binding) lead to time-variation of the loss of sensitivity. This necessitates frequent sensor re-calibrations to find the exact sensitivity prior to interpreting the measured signal of the sensor. The traditional calibration methods are based on parallel measurements with a gold standard [3] . For example, the commercially available CGM sensors typically require few calibrations per day with finger prick tests, imposing extra cost and inconvenience to the user. Research on low-cost tattoo-based sensors for sweat analysis has gained momentum over the last few years [4] . However, there is little evidence that sweat analysis provides a reliable estimation of glucose in the body.
Another limitation of the current technology is the energy source. In wearable or subcutaneous sensors this is either provided by a lithium battery or through electromagnetic field [5] . The former presents a challenge in a disposable application and the latter requires a closely held transceiver to maintain an inductive link with the sensor device.
A wearable glucose sensor technology that is cheap, painfree, autonomous, and is powered from green energy sources makes a breakthrough in diabetes screening. Scalable technology, for instance Printed-circuit-board (PCB) or semiconductor technology can be used to achieve such a low-cost diagnostics tool. Moreover, enzymatic biofuel cells can provide an alternative to battery and inductive coupling, through generating energy from the biomolecules such as glucose [6] - [8] in the sample fluid.
In this work we present the preliminary results towards the development of a battery-free and autonomous glucose sensing patch. The idea is to measure glucose in the extracted interstitial fluid and extract energy from the same fluid using a biofuel cell. The system sends the readings to a smartphone, , when enough energy is accumulated, ideally every 10s of minutes. The conceptual diagram of the patch is shown Fig. 1 . We show the integration of the sensor with PCB in Section II and discuss a possible method for self-calibration of the sensor based on sensor impedance. We describe in Section III, the covalent immobilization of Glucose oxidase enzyme on PCB electrodes to harvest energy from glucose. Furthermore, we describe a wireless embedded system comprising instrumentation and data and power management modules in Section IV.
II. SYSTEM DESIGN
The system comprises of a glucose sensor that senses the glucose levels in the interstitial fluid. The interstitial fluid is extracted from under the skin using microneedles and directed, using a microfluidics system, towards the glucose sensor and then passes on top of a biofuel cell before it is collected within a reservoir on the patch where it may evaporate. The biofuel cell generates energy by oxidising the glucose in the fluid. The harvested energy is collected and stored on the device and later used to run the instrumentation and data transmission circuits. The power management works based on the event driven technique [9] , [10] to optimize the usage of the generated energy. The sensor, biofuel cell and the electronics are presented in the next sections. The microfluidics and microneedle design will be presented in future publications.
III. GLUCOSE SENSOR ON PCB
The sensor is designed based on electrochemical sensing of glucose coupled with amperometric measurement. The sensor is developed by covalently immobilized glucose oxidase (GOx) on the commercially fabricated PCB electrode surface. The details of sensor fabrication are presented in [11] and briefly explained here.
The sensor electrodes were fabricated in a commercial PCB manufacturing facility with a hard-gold finish to allow pore-free deposition and low contact resistance. The gold electrodes were used as working, counter and reference electrodes. After cleaning the electrodes [11] , a self-assembled monolayer (SAM) of MPA (3 Mercaptopropoinic acid) was formed on the electrode surface by immersing the electrodes in an ethanol solution containing MPA. Then a drop of Phosphate Buffer Solution (PBS) containing glucose oxidase (GOx) was dispensed onto the electrode, incubated overnight at 4 o C. A calibration plot of the chronoamperometric current at 60 sec is shown in Fig. 2 where each data point represents three separate measurements using new electrodes. The achieved average sensitivity of the sensor is 150 nA/mM . The sensor shows good linear behavior between 0.5-12 mM (physiological glucose range in blood).
A. Sensor Calibration
The authors have studied the electrochemical impedance and the sensitivity of commercially available CGM sensors (Medtronic Enlite sensors; working electrode area of 2 mm 2 ) over the life-time of the sensors. The results presented in [12] show that the sensitivity is related to the double-layer capacitance and charge-transfer resistance, based on results acquired from a sensor that showed substantial sensitivity drop. Two [12] data clusters are extracted that relate the sensor sensitivity to its impedance before and after the sensitivity drops by more than 50% (see Fig. 3 ) [12] . Therefore the variations in the sensor capacitance may be used as an indication of the end of the life-time of the sensor. This feature can be embedded into the wearable device to check the health of the sensor and to implement impedance-based auto-calibration, eliminating the need for external gold standard for sensor re-calibration. Our ongoing studies are on modeling the sensitivity-impedance correlation in the custom-designed sensors presented in the previous section.
IV. BIOFUEL CELL
A two-electrode fuel cell is designed and fabricated on PCB. The cathode and anode electrodes are developed through simple cleaning and post-processing steps on electrodes fabricated in standard PCB technology.
A. materials and methods

Ammonium
hydroxide, hydrogen peroxide, 3-Mercaptopropoinic acid, glucose oxidase (GOx), glucose and other reagents for buffer solutions were purchased from Sigma-Aldrich. The fuel cell electrodes were designed and fabricated in a commercial PCB manufacturing facility as illustrated in Fig.  5 . The copper electrodes were electroplated with a hard-gold finish. All PCBs were thoroughly cleaned to remove organic contamination prior to any surface modification (15-minute sonication in acetone, 15-minute sonication in ethanol and finally 15-minute sonication in hydrogen peroxide, ammonium hydroxide and Milli-Q water in a 1:1:5 ratio).
B. Electrode development
Anode: A self-assembled monolayer (SAM) of MPA (3-Mercaptopropoinic acid) was formed on the pre-cleaned PCB gold ( Fig. 5 (a) ) by immersing in an ethanol solution containing 1 mM MPA for 1 h at room temperature (RT) followed by thoroughly rinsing with ethanol and DI water respectively and drying with N 2 gas. 2 mM EDC and 5 mM NHS solution mixture was incubated for 50 min on the electrode surface at RT to activate the carboxylic acid group of SAM. The electrodes were then washed twice with PBS. 20 µL of PBS containing 5 mg/mL GOx was dispensed onto the electrode, incubated overnight at 4 o C. The different steps in the immobilization of glucose on the PCB electrode are illustrated in Fig. 4 .
Cathode: a layer of platinum with a thickness of 50 nm was sputter deposited on the cleaned gold electrodes (power: 20 W power, base pressure: 9.310 −6 mBar, process pressure: 6.3 × 10 −3 mBar at a rate of 1.1 A o /s).
C. Experimental Results
Glucose solutions were prepared by diluting D-(+)-Glucose in PBS. 70 µL of each sample was pipetted on the anode and cathode electrodes and the respective polarization curves (plot of cell potential against current density) were recorded to assess fuel cell performance using a Autolab III / FRA2 potentiostat / galvanostat (Metrohm, The Netherlands). An average open circuit potential of 120 mV was recorded between cathode and anode electrodes at a glucose concentration of 100 mM. The polarization curves were then used to calculate 
V. CIRCUIT DESIGN
The wireless instrumentation consists of four main circuit blocks as shown in Fig. 6 . (i) the sensor interface (LMP9100 from TI) controls the sensor voltage and measures the sensor current. The chosen IC is a low power programmable transimpedance amplifier to convert the sensor current to voltage and amplify it. (ii) an impedance spectroscopy chip (AD5933) to measure the sensor impedance required for embedded autocalibration of the sensor. (iii) a nano-power energy harvesting and power management chip (bq25570 from TI) to interface the biofuel cell and upscale the voltage to 3.3 V required to drive the other three circuit blocks. The chip can harvest energy from a source with voltage as low as 100 mV and is capable of supplying currents as high as 110 mA. (iv) a lowpower microcontroller (CC2640 ) with embedded Blue-tooth low-energy (BLE 5) to manage the operation of the system and perform data communication. The BLE 5 module is suitable for low-power applications while allowing communication within a long range. It also benefits from high speed and simple stack which reduces the connection time to only few ms (from 100ms in traditional Bluetooth).
The microcontroller runs based on the event driven technique. During the idle mode, the microcontroller is in sleep mode, the sensor interface circuit is disabled (off) and the harvesting system is storing energy on a super-capacitor. When the stored energy reaches a threshold level, the energy management chip generates an event after a certain delay time. The purpose of the delay is to ensure that the stored energy will be enough and stable to run the system until finishing the task. The generated event is used to wake up the microcontroller and subsequently the sensor interface circuit. Our experiments have shown that the sensor requires almost one minute of continuous biasing before being measured. After reading the sensor value, the microcontroller enables the BLE module to communicate the data outside. A simplified timing diagram of the system operation is depicted in Fig. 7(b) .
The storage capacitor must be sized large enough to provide the required energy to run the system for 61 sec (60 sec for sensor biasing, 4 ms for BLE transmission and 990 ms for conversion and analysis). The current consumption is 2.5mA for 60 sec and 8mA for 1 sec due to the BLE. Hence, the estimated required capacitance is 0.2F to guarantee that supply voltage will not drop below 2.8V during the 61 sec run time. On the other hand, the estimated time to charge the capacitor to 2.8 V is 1 hour, assuming the system in the sleep mode during the charging, the harvester efficiency is 80%, the fuel cell outputs maximum power (14 µW), and there is perfect impedance matching between the biofuel cell and the energy harvester chip. Therefore the system is able to send a glucose reading roughly every one hour. In reality the required time to charge the supercapacitor may increase due to several factors, for example, the voltage drop of the biofuel cell, the leakage current of the capacitor and the varying efficiency of the energy harvesting chip. This may be rectified by increasing the dimension of the anode and cathode electrodes of the biofuel cell or connecting few of them in parallel.
VI. ASSEMBLED DEVICE
The whole system is fabricated on a 2.4 × 3.5cm double layer PCB. An image of the fabricated PCB is presented in Fig.  7(a) . The top layer is used for routing between the different parts of the circuit while the bottom layer is used for the fuel cell and the sensor. The whole circuit consumes 50 nA during standby mode and 4 mA during the active mode. The PCB is currently undergoing post-processing for the development of the sensor and bio-fuel cell.
VII. CONCLUSIONS We presented the design of the different parts of a wearable patch for continuous glucose monitoring. This comprises of (i) a glucose sensor that is developed on PCB technology with demonstrated 150 nA/mM sensitivity to glucose; We discuss that a real-time automatic calibration might be possible based on monitoring the impedance of the sensor. (ii) A biofuel cell developed on PCB with measured maximum output power of 14 µW/cm 2 from a fluid with 100 mM glucose concentration; (iii) an instrumentation for amperometric measurement of the sensor and energy and data management which consumes 50 nA during standby and 4 mA during the active modes. Future work involves statistical analysis of the system.
